Abstract-A biomechanical model of the lumbosacral region was constructed for the purpose of systematically studying the combined stresses and strains on the local ligaments, muscles and disc tissue during sagittal plane two-handed lifting.
The prevalence and cost of industrially-related low back pain underscores the need for a better understanding of the manner in which such pain incidents arise. Of particular interest is the role played by variables such as type of task (e.g. lift, lower, etc.) . magnitude of the load in the hands and posture of the worker while executing various tasks. It is generally recognized that a quantitative biomechanical model that predicts low-back tissue stress/strain on the basis of a set of task descriptors would be useful in this regard.
MODEL DESIGN
The purpose of this paper is to describe the development and validation of a biomechanical model of lifting for industry. The model was restricted to lifting tasks since these account for 40 y0 to 60 y0 of industrial low-back pain cases (Ayoub et al., 1978; Glover, 1960; Seager, 1959; Troup, 1965) . Currently the model considers only the case of static sagittal-plane lifts. This case reasonably approximates the conditions of a slow, controlled lift in front of the body, which is often the recommended technique for lifting heavy objects in industry.
The model is designed to receive as input the task variables of discrete lifting postures and load in the hands. Predictions are then made of strain in the ligaments posterior to the lumbo-sacral joint centerof-rotation, the moment-generation requirement of the trunk erector musculature, compression on the sacral endplate and strain in the posterior aspect of the outermost layer of the annulus. These tissue load parameters were selected on the basis of their purported role in the genesis of low-back pain. The ligaments that were included in the model were the following;
(1) lumbodorsal fascia, (2) interspinous/supraspinous ligament, (3) articular ligaments, (4) ligamentum flavum, and (5) iliolumbar/sacrolumbar ligaments. The multifidi and erector spinae were considered as the primary trunk erector muscles at the LS/Sl level. Figure 1 illustrates the geometric representation of the low-back ligament elements. The ligaments and muscles are represented by lines of action attached to the two vertebra at specific points in a manner adapted from the models of Schultz and his colleagues (e.g. Takashima er al., 1979) .
MODEL DEVELOP'MENT
A number of biomechanical models exist which allow one to predict one or another of the tissue load indices though no one model concurrently predicts all of the indices mentioned above. For instance there are models which;
(1) estimate moments and forces about the L5/Sl joint given a load in the hands and a particular body posture (e.g. Garg and Chaffin, 1975; Schultz et al., 1982) ;
(2) estimate strain in the ligaments given the relative orientation of L5 and the sacrum (e.g. Seireg and Arivikar, 1975; Takashima, et al., 1979; Yettram and Jackman, 1980) and (3) estimate the strain on the outermost layer of the annulus for a given disc compression (e.g. Broberg and von Essen, 1980; Broberg, 1983; Hickey and Hukins, 1980; Spilker, 1980) . To be specific, the whole-body models consider only disc compression but ignore the strain on the ligaments and annulus. The ligament models, on the other hand, presume a vertebral orientation of isolated motion segments and predict strains. These models do consider the disc but treat it in a simplified manner that does not allow concurrent estimation of strain in the Iayers of the annulus. The disc models predict strain in the layers of the annulus but are divorced from the rest of the body and are designed for simple loading cases, such as pure compression or bending moments.
After review of the models which were available it became evident that three distinct efforts would be necessary to construct a more integrative prediction model. These three efforts would be to develop; (I) a kinematic model which predicts LS and Sl orientation given whole-body posture and load in the hands;
(2) an LS/Sl biomechanical model which incorporates the contribution to restorative moment due to passive tissue strain, and (3) a disc model incorporated within the L5/S1 motion-segment model which estimates annular strain under conditions of combined compression, flexion and shear (as opposed to isolated compression).
What follows is a discussion of the methodology employed in the model. The reader interested in further details should consult Anderson (1483) .
Vertebral reorientation kinematic model
Data regarding the relative positions and angular orientations of the L5 and Sl vertebra are necessary for the calculation of moments and forces acting on the lumbosacral tissues. Because of the difficulty of directly determining the angular orientation of these two vertebra during normal lifting activities it was necessary to develop prediction models that were functions of readily-observable variables. Review of the literature suggested that torso angle, knee angle and load in the hands would be the most important parameters to include. It was also found that the data needed to construct such models did not currently exist.
For this reason, extensive data was collected (Anderson, 1983) on four subjects from which predictive equations of sacral rotation and L5 rotation relative to the sacrum were derived as functions of torso angle, knee angle, and load in the hands while lifting.
Statistical analysis revealed that load in the hands gave a negligible improvement in the predictive efficiency of the equations, therefore it was eliminated from the final set of independent variables. The form of the final regression equations are presented graphically in Figs 2 and 3. LS/Sl relative rotation was scaled to the percent of the maximum rotation so that individuals of varying flexibility could be better accomodated. The equations are as follows S = -17.519-0.11863T+0.22687K+0.11904e -2T*K+OA99e-2TZ-0.753e-3K2
(1) LS = 32.642+ 1.30963-0.74916e-1 K
where S = sacral rotation from position when standing erect (in degrees); LS = percent of maximum L5/Sl relative rotation; T = torso rotation from erect standing (in degrees); K = included knee angle (in degrees).
It can be seen that Sl rotation (Fig. 2 ) and L5
The lumbosacral joint during lifting activities 57.1 rotation relative to Sl (Fig. 3 ) both increase with torso angle but the shape of the curves are distinctly different. The curves show that the first 30" of trunk flexion is primarily accomplished though rotation in the lumbar spine but shifts to predominately hip rotation as torso rotation increases beyond approximately 30'. Decreasing knee angle (i.e. bending the knees) shifts the curve for Sl rotation (Fig. 2) down and LSjSl relative rotation up (Fig. 3) . Performance statistics are presented in Table 1 . This portion of the project is discussed at length in Anderson er al. (in press ). 
Whole-body model enhancement
Estimation of stresses and strains on the lumbosacral tissues for a specified lifting task was accomplished by considering the balance of forces and moments required by static equilibrium conditions about the LS/Sl joint. The moment equilibrium condition requires that the resultant and restorative moments about the joint be balanced. The resultant moments in the case of lifting act to flex the upper body forward around the LSjS1 joint while the restorative moments act to resist the forward flexion. The resultant moment has two components:
(1) moment due to the load in the hands. and (2) moment due to the weight of the body segments above L5/S I.
The restorative moment is modelled as having four components:
(1) moment due to abdominal pressure, (2) moment due to resistance of the disc to bending, (3) moment due to resistance of the ligaments to strain, (4) moment due to muscle contraction and passive resistance of muscle.
Mathematically
the moment equilibrium condition is expressed as follows
where M = moment due to load in the hands; M, = mo&ent due lo body weight; %I,., = moment due to abdominal pressure; M, = moment due to ligament strain; M,u = moment due to musck and M, = moment due to disc resistance to bending.
The elements on the right side of equation (3) constitute the resultant load moment in flexion while the elements on the left side represent the restorative extensor moment about the LSjSl center ofrotation. It will be seen in the discussion below that all parameters of the moment equilibrium equation except the moment due to muscle can be computed from information in the literature.
The force equilibrium conditions for compression and shear can be expressed as follows
where FE = force acting on the sacral endplate; F, = force due to load in the hands; F, = force due to body weight above L5/Sl; F, = force due to abdominal pressure (compression only); F, = force due to ligament strain and F,U = force due to muscle contraction. The equation has the same form whether the force is compressive or shear in nature. Force due to load in the hands is given. The remaining parameters except for force on the sacral endplate can be computed from data in other sources.
Hence there are three equations and three unknowns. The three unknowns are;
(1) moment due to muscles, (2) compressive force at the sacral endplate. and (3) shear force at the sacral endplate.
Resultant moments
The general algorithm for solving the equilibrium equations for the three unknowns is depicted in Fig. 4 . The process will be briefly described here and then explained in more detail below. In Fig. 4 it can be seen that the first step is to use photographic information about the body posture to locate the body links in space. Moments due to load and body weight about all the joint centers in the body are calculated during this step. Postural information and moment estimates from the whole-body model are transferred to the lumbosacral ligament/muscle model for further analysis at this point. This is accomplished by the following three steps:
(1) Torso angle and knee angle are used to predict the orientation of L5 and Sl which is required for calculating moments about the LS/Sl joint.
(2) The intra-abdominal pressure restorative moment about the L5/Sl joint is predicted from data of others.
In order to calculate all of the moments it is necessary to know the spatial location of the L5S.l center-of-rotation.
Body posture information obtained from photographs in conjunction with estimates of link lengths are used to first derive the spatial location of the sacrum. Link lengths are scaled as percents of stature or are measured from palpable body landmarks. The sacral rotation and L5 rotation relative to the sacrum are then predicted by entering knee and hip (torso) angles into the kinematic model equations (equations I and 2). The joint-center is then located under the assumption that it is at the center of the disc separating the two vertebrae.
(3) The moments due to ligament resistance and muscle contraction are calculated. Results of these calculations are then transferred to the disc model in order to estimate strain on the posterior annulus.
The description of the steps involved in the lumbosacral ligament/muscle model algorithm are expanded below.
Load in the hands and body weight. Calculation of moments due to load in the hands and body weight are relatively straightforward once the LSiSl joint center is located. The algorithm incorporated in the wholebody biomechanical model described by Garg and Chaffin (1975) was used for the calculations. Essentially moment arms are calculated for the load in the hands and the body segments above L5/Sl and then multiplied by the respective weight of the segment. The load in the hands and body weight above LSjSl are also decomposed into normal and shear forces acting on the sacral endplate using the sacral endplate angle predicted from equation (1). 
R~srorarw momenu
The static equilibrium assumption dictates that the total restorative moment must equal the resultant moment. but the question arises as to how the moment is partitioned among the four elements, namely intraabdominal pressure, disc resistance, ligament resistance and muscle contraction. Intra-abdominal pressure and disc resistance calculations are not contingent on ligament strain or muscle activity, so their contribution is considered first. Abdominal prrssurr. The moment contribution due to abdominal pressure was calculated in the same manner as described in Chatfin (1969) except that an equation was developed that was a function of LS/Sl resultant moment rather than the external load moment about the hip. The equation was derived, as was the original, from data presented by Morris er al. (1961) . It explained 49", of the variance in the data of Morris ZI a/. Essentially, abdominal pressure isconsidered a function of torso angle and resultant moment about the L5/Sl joint. The equation derived was -3014J(COS~~-0.25166~0.9359 (5) where IAP = intra-abdommal pressure (mmHg); T= torso angle (rad) and M = resultant external moment about LSjSl (Ncm) due to load in the hands and body weight above the LS/SI disc. The torso angle is taken as the included angle formed by the shoulder, hip and horizontal through the hip.
The pressure is assumed to act perpendicular to the endplate as a tension element across the disc at a distance of 7-15 cm, as estimated from an equation developed by Fisher (1967) and described in detail in ChafFin and Andersson (1984) . The pressure and distance are then multiplied to obtain the moment about LSjSl due to abdominal pressure.
Disc rrsisrance fo bending. The moment contribution due to disc resistance was calculated through utilization ofa regression equation based on informa- where M, = moment due to disc resistance to bending (Ncm) and R = LS rotation relative to Sl (rad). The coefficient of determination was 0.981 using five data points. There was assumed to be negligible force on the endplate generated by the disc resistance to bending. Equation (2) is used to predict the relative rotation. The value of R is obtained in rad by assuming that 100yO relative rotation corresponds to 12" or 0.21 rad.
Ligamenr strain. The moment due to strain in the ligaments was calculated by the following steps:
(1) estimate the elongation of each ligament connecting Lj and the sacrum and convert it to a strain by dividing by the resting length (see Appendix A for resting length values);
(2) calculate the force from force-strain curves derived from the literature (see Appendix B for equations) and (3) convert the forces into moments based on the lines of action of the ligaments as determined by the locations of the attachment points of the ligaments to the vertebra and the location of the joint center.
Attachment points for all ligaments and estimated force-strain curves for ligaments currently not studied were generously provided by Dr. A. Schultz (personal communication, 1981) . Each ligament force was also decomposed into a normal and shear force on the sacral endplate.
Muscle conrribution. Whatever amount of the resultant moment remained after subtracting the moment due to intra-abdominal pressure, disc resistance to bending and ligament resistance to strain was attributed to muscle contraction. The moment due to the musculature was assumed to be partitioned between the multifidi and erector spinae in proportion to ratio of their cross-sectional areas (taken as 13.2 : 18.6 ratio). The muscle forces were multiplied by their moment arms to obtain the moment due to muscle contraction and then decomposed to obtain normal and shear forces on the sacral endplate based on insertion angles.
The reader will note that calculation of ligament strain requires knowledge of the L5/S1 disc height, which in turn is a function of the compressive force acting on the joint. Increased compressive force, for instance, causes the disc to decrease in height, which concomitantly decreases the distances between the ligament attachment points. This in turn decreases the strain in the ligaments and thereby the ligament compressive contribution on the disc. When the ligament contribution to the moment changes. the remainder of the resultant moment which is assumed to be compensated by muscle contraction changes in the opposite direction. This change also affects the muscle contribution to compression and shear on the disc. Hence an iterative approach is required to simultaneously estimate the disc height and in turn the stress/strain parameters about the LS/Sl motion segment. The basic outline for the iteration algorithm is shown in Fig. 5 . This figure gives more detail for the portion of the algorithm enclosed in the dashed box shown in Fig. 4 .
A first estimate of compressive force on the disc is obtained by assuming no ligament contribution and contribution from the muscles occurring through a single muscle equivalent which operates perpendicular to the endplate at a distance of 5 cm, as described in Chaffin (1969) and ChaRin and Andersson (1984) . The compressive force due to muscle contraction is added to compressive force due to load in the hands, body weight and intra-abdominal pressure. The sum of the compressive force components is entered into an equation of disc height vs compressive force to be described in the next sub-section. Ligament strain can then be calculated under these initial conditions and a muscle moment can be determined. A refined estimate ANDERSON. D. 6. CHAFFIN, G. D. HERRIN of compressive and shear forces is thus obtained. If the revised compressive force does not match the compressive force associated with the current disc height, the estimate is adjusted in the appropriate direction and another iteration is performed. The cycle is continued until the two compressive force estimates are within 1 N of each other. The final compressive and shear forces along with the amount of flexion in the disc are then passed to the disc model.
Disc model extension
The disc model of Broberg and von Essen (1980) was extended (Anderson, 1983) so that the complex loadings of compression, flexion and shear derived from the lumbosacral ligament/muscle model could be analyzed in terms of strain on the annulus, which may be an indicator of the risk of disc rupture. Parameter values used in Broberg and von Essen's disc model are presented in Appendix C.
The effects of combined compression, shear and bending on annular strain were assessed by estimating the contribution to intra-discal pressure due to each component of the load and then summing the contributions. Equations are given in Anderson (1983) along with sources of data. The 'effective' intra-discal pressure was then entered into an equation derived from the compression model adapted from Broberg and von Essen which describes the relationship between model
The lumbosacral joint during liftrng activities j?; predictions of strain in the outermost layer of the annulus (assuming parallel endplates) and the intradiscal pressure. A second estimate of the strain is derived by calculating the distance between the attachment points on the re-oriented endplates for the fiber whose midpoint is most-posterior.
The actual strain on the fiber is taken as the maximum of these two estimates, If strain is actually determined by reorientation due to shear and bending, the straight-line distance will be greater, otherwise the strain due to bulge will be the major factor and the first estimate will be larger.
The additive model is supported by the results of Nachemson (1963) vvho found the rise in intra-discal pressure due to bending was independent of the compressive load. This was the only study available which quantified the effects of combined loads on intra-discal pressure, so the existence ofany synergistic effect due to shear was unknown.
Upon analyzing the performance of Broberg and von Essens' model with fiftieth-percentile disc measurements under pure compression, it was noticed that relaxation of the model constraint of a rigid endplate assumed by Broberg and von Essen (1980) to one of a flexible endplate yielded a disc model that better replicated observed disc behavior seen in experimental conditions.
The endplates were allowed to bulge spherically in such a way so as to keep a constant volume in the disc for a given annular bulge. The magnitude of the annular bulge was predicted from an equation fit to the data of Brown et al. (1957) which predicted annular bulge from a decrease in disc height. In a later article, Broberg (1983) described a morecomplex disc model in which he also allowed the endplates to bulge, but the degree of bulging is mathematically determined by model constraints. In both cases the extended models performed much better than the original model in terms of congruence with published data, thus justifying the added geometric complexity.
MODEL VALIDATION
Two forms of validation were performed on the integrated model. The first form of validation involved comparing predicted and observed stress/strain values. Cadaver and in uiuo experimental studies giving observed values of low-back related stresses and strains were gleaned from the literature and simulated with the integrated model or components thereof as appropriate to the study. The predicted values obtained from the simulations were then compared to the observed values from the respective study.
The second form of validation involved study of ligament and posterior annulus strains, erector musculature moment requirements and disc compressive loads for a range of postures and loads in the hands.
Validation with data from the herature
Three basic sets of comparisons were performed. The first set was related to the mechanical behavior of an isolated functional spinal unit (FSU) as it is flexed. The primary parameter observed was the moment created by the ligaments and disc as they resist flexion. The second set of comparisons concerned strain levels of the ligaments under conditions of maximal LS/SI forward flexion in relation to their elastic limits (see Table 2 ). In general maximal predicted ligament strains as compared to experimentally derived elastic limits suggested that the lumbodorsal fascia was the only passive tissue at any degree of risk. It was also noted that the articular ligament had an unreasonably high predicted strain value. The lumbodorsal fascia strain response agrees with Farfan and his colleagues who have suggested that the lumbodorsal fascia plays a major role in resisting forward flexion (Bazergui, rf al., 1978; Gracovetsky et al.. 198 I) . The result does not correspond to the results of Rissanen (1960) and Adams er al. (1980) who suggest that ruptures of the supraspinous/interpinous ligament are fairly common.
The simulation results for the articular ligaments indicated that the tissue had to sustain maximal strains of 100-l 30ro strain (see Table 2 ), which is unrealistic. More to the point, these results suggest that the manner in which these ligaments are modelled is not accurate. The information needed to improve the model consists of better approximations of the attachments to the vertebra, and more realistic values for resting length. The shortcoming of the current model in this regard does not affect the other parameter predictions, though, due the very small contribution to experimental studies. The third set of comparisons involved intra-discal and intra-abdominal pressure estimates under various load and posture conditions. For this, studies by Andersson et al. (1976 Andersson et al. ( ,1977 were simulated. Observed and predicted values showed very good agreement for intra-abdominal pressure (Fig. 6 ), but were not in as close accord for intra-discal pressure (Fig. 7) . Predicted values of intra-discal pressure were higher than those observed in the two studies. This may be due to the fact that potential load-bearing capability of the facet joints is not incorporated in the model. It is important to also note that very little quantitative information about body posture other than vertical hand location was given in the second of the two articles so the simulation may not be totally representative of the actual posture used by the subjects.
Analysis of posture and load
Performance of the model was also studied by analyzing the effects on tissue stress/strain of inputting body postures and loads in the hands that correspond to the wide range of conditions found in industry. In specific, the sensitivity analysis consisted of model simulations of the following combinations of parameters:
The results of these three sets of comparisons were used iteratively to adjust the model parameters within the bounds of physiologically-reasonable values so as to obtain the best overall correspondence to behavior seen in experimental studies. In general, the comparative validations suggested that the model yields predicted values that are reasonably close with the exception of the articular ligaments and possibly the intra-discal pressure. In order to better model the articular ligaments it will be necessary to improve the information describing the ligament resting length, attachment points and force-deformation curves. In the meantime the other parameters that are predicted (1) torso rotation: 0 (erect), 30, 60 and 90', (2) knee angle: 180 (straight-leg), 120 and 60', and (3) load in the hands: ON and 500 N. The primary predicted values of interest were ligament strains, strain on the posterior aspect of the annulus, contributions to the restorative moment due to the ligament structure, muscle structure, disc and abdominal pressure and contributions to the disc compression due to load in the hands, body weight above LS/SI, ligaments, muscles and abdominal pressure. The results are presented below for each category of predicted values.
Ligament strain rrsutts
In general it was found for all of the ligaments that: (1) strain monotonically increased with torso rotation, (2) strain increased with decreasing knee angle, and (3) there was more strain at 0 N than at 500 N (assuming the muscles are relaxed). It would be expected that ligament strains would increase with torso rotation because the L5 and Sl vertebrae separate with rotation. The separation occurs more rapidly as the knees are flexed (see Figs 2 and 3) so ir is not surprising that strain increases with decreasing knee angle. The reason there is more strain at 0 N than at 500 N is that the disc separating the vertebra is increasingly compressed with increasing load in the hands which in turn means that the vertebral attachment points of the ligaments are closer together. Therefore maximum strain for a given torso rotation angle occurs with no load in the hands assuming the muscles are relaxed.
INTRA-ABDOMINAL PRESSURE vs. TRUNK ROTATION

Posrerior annulus strain results
The following observations were made: (I) strain increases with torso rotation but never goes above about 2.7 "/, under any condition studied and (2) strain increases significantly with increases in load in the hands (1.5 PO vs 2.7 9, for 0 N and 500 N respectively). These strain estimates fall significantly below strain values derived from maximum elongation data of annulus samples tested along the axis of the fibers (Galante, 1967) Galante's data suggested that the elastic limit for annular fibers is approximately 31.5 9, with a standard deviation of l.Sp,. This implies that the annulus does not reach the elastic limit even under loads which could cause failure of the functional spinal unit. This agrees with the observation that the endplates tend to fracture first under maximal loading conditions (Brown rr a/., 1957; Perey, 1957; Rolander, 1966) .
Restoralice moment rrsul~s
The components of the restorative moment due to muscles, ligaments and abdominal pressure are predicted based on varied torso rotations and at 0 N and 500 N loads on the hands. The predictions for straight legs are graphed in Fig. 8 . Knee angle has virtually no effect on the restorative moments, so only one knee angle (180') is displayed. The moment due to disc bending was SO small that it was not included on this graph. It can be seen that generally the moment due to muscle contraction predominates under all conditions, especially with larger load. The moment due to abdominal pressure had the second largest effect, and the moment due to ligament resistance was the smallest. The magnitude of the moments generally increases for all components as the trunk is flexed, though for muscle contraction the moment stops increasing between 60 and 90' under 0 N load and in some cases begins to fall. The percent of restorative moment for each element vs torso rotation is plotted in Fig. 9 . It can be seen that percent of the moment attributable to muscle contraction continually decreases after 30" if not before, while the percent of the moment due to ligament tensions increases. The drop-off of the moment generated by muscle contraction is related to the non-linear response of the moment due to ligament tension as a function of torso rotation. Figure 8 shows how the ligament moment increases more-rapidly with increasing rotation. The percent of the moment due to abdominal pressure remains relatively constant.
Muscle strength limir results
It is interesting to note that under the no-load condition the ligaments play a much more important role in resisting the resultant moment than under a SOON load. This follows from the observation that load in the hands decreases the disc height and thus reduces ligament strain.
Muscle moment requirements on the trunk extensors were also compared to the moment-producing capabilities (i.e. strength) of the working population. The procedure is described in Garg and Chaffin (1975) . In short, the moment requirement is compared to the distribution of moment strengths for the population at the given joint angles. The percent of the population who have strengths below the requirement are taken to be the percent of the population who would be incapable of the trunk extensor moment requirement. For the conditions of this sensitivity analysis it was found that at the 500 N load up to 20% of the male population and up to 60% of the female population would be incapable of the trunk extensor moment requirement depending on the torso angle (see Fig. 10 ).
Disc compression results
Disc compression was computed by calculating the contribution due to the load in the hands, body weight, muscles, ligaments and abdominal pressure and summing according to equation (4) to obtain the disc compression for the range of torso rotations, knee angles and loads in the hands. The component values are shown in Fig. 11 as a function torso rotation and load in the hands for the straight-leg condition. The reader will recall that the abdominal pressure acts as a tension across the disc and therefore appears in Fig. 11 as a negative compression.
The component values expressed in terms of percent of total compression for the given condition are shown in a negligible impact on compressive force, so only one condition (180') is displayed. The first observation to be made is that compression increases as the trunk is flexed. It can also be seen that muscle contraction represents the major contribution to disc compression at 30' or more of torso rotation while at less than 30' the effect of body weight and load in the hands predominates.
At 0 N load the ligaments generate a relatively significant percent of the total compression. but their effect is virtually negated at the 500 N load (see Fig. 12 ) by the muscle forces. Abdominal pressure, which acts as a parallel compression-bearing element to the disc, never relieves more than about 10 7, of the compressive force. This is far below the 403,, estimated by Eie (1966) but fairly close to the estimate of 15-20". put forth by Chafiin (1982) and 147, proposed by Schultz et al. (1982) .
The magnitude of the load in the hands also strongly affects the magnitude of the disccompression.
A 500 N load in the hands leads to at least a doubling of disc compression over no-load conditions. The maximum level increases from approximately 2200 N to 5400 N. NIOSH has stated that disc compressive loads above 3425 N should be avoided if possible in order to reduce the risk of low-back pain (NIOSH, 1980) . This recommendation was based in part on the observations of Evans and Lissner (1965) . Sonoda (1962) and Perey (1957) who found vertebral endplate microfractures at loads starting at roughly 2500 N and above, particularly for older individuals. Therefore the model suggests that excessive back compressive forces can arise under the conditions of this study.
In general, the model predictions all follow the patterns that would be anticipated or seem reasonable for changes in torso angle, load and knee angle. Therefore the results of the analysis of posture and load further substantiate the validity of this integrative biomechanical model.
StJMMARY
A biomechanical model has been developed that concurrently estimates strains on ligaments in the low-. back region, trunk erector moment requirements, LS/Sl annulus strain, and sacral endplate compression for static, sagittal-plane two-handed symmetric lifting tasks.
Validation studies suggest that the model yields reasonabte predictions based on comparisons to experimental studies and results of sensitivity analyses. More information is needed, though, in order to better model the articular ligament in that the current data leads to unreasonably high levels of maximum strain. It is also important to pursue the load-bearing role of the facet joints.
Model sensitivity analyses yielded the following observations:
(1) ligament strains are typically well within the transition region (for those ligaments on which stress-strain curves are published); (2) the strains on the lumbodorsal fascia come the closest to the upper bound of their transition region; (3) strains in the articular ligaments may be excessive but it is difficult to discern because the predicted values suggest that better modeling information is (7) disc compressive forces could reach levels well above those known to cause failure of the vertebral cartilage endplate from cadaver specimens.
It is concluded, on the basis of model sensitivity analyses, that typical lifting tasks can lead to excessive disc compressive forces, muscle moment requirements and possibly lumbodorsal fascia strains. At the other end of the spectrum, annulus rupture due directly to strain in the lamina appears unlikely, except where the annulus has suffered prior degeneration.
APPENDIX A. ELEMENT RESTING LENGTHS
Resting lengths for the ligaments were determined by calculating the distance between the attachment points on the two vertebra and then adjusting for any pre-tension. Adjustments were also made for any disc deflection resulting from compression due to ligament strain. Resting length unless otherwise noted was assumed to occur in the erect posture with no load in the hands (Adams er 01.. 1980) . A pre-strain of 15",, was incorporated for the ligamentum flavum (Nachemson and Evans, 1968) and it was assumed that the supraspinous/interspinous ligament does not come into tension until halfway to full trunk flexion (Adams er al. 1980: Nachemson and Evans, 1968; Silver, 1954) . Farfan (1973) notes that there is typically 12' of rotation between L5 and Sl at full-flexion, so it was assumed that the resting length of the supraspinous,'interspinous ligament occurred at 6-Rexion bctwecn LS and Sl. Resting lengths by ligament and sex arc given in Table 3 . 
APPENDIX B: LICA>IEST FORCE-STRAIN EQUATlOsS
Experimentally-derived force-deformation and stressstrain data are available for the ligamentum flavum. interspinous, superspinous ligaments. and the lumbodorsal fascia. The data sources are as shown in Table 2 . These data were mathematically modelled using an exponential equation of the form F = aebr (Bl) where F = force in ligament. s = percent strain in ligament and a, b are coefficients. Curves were fit to the available data using a linear regression model on the logarithm transform of equation (BI). For the lumbodorsal fascia the curve for thigh fascia from Katake (I 961) was used to obtain the equation form, but the values were scaled to the elastic limit data provided by Bazergui et a[. (1978) . The number ofpoints for each ligament ranged from 5 to 9 so it is not surprising that coefficients of determination were between 0.98 and I. The equations are as follows: 
Predicted force vs strain curves are shown in Fig. 13 . It can be seen that there ts a wide range of material properties for the various ligaments.
APPESDIS C: DISC \lODEL PARAUETERS
The disc model of Broberg and von Essen (1980) models the dtsc as a cylinder-like object with a concentric nucleus. There are eleven laminae in the annulus. In each lamina the annulus fibers wrap around the walls of the cylinder at a specified inclination to the base. In the resting state the outermost layer bulges a specified amount. Therefore the physical structure of the disc is described by its cross-sectional area, height, nucleus-to-disc cross-sectional area ratio. fiber angle and initial bulge. The values for these parameters were selected on the basis of literature review and sensitivity analyses and are summarized in Table 4 . where G(S) = stress as a function of strain and S = strain on annulus fiber. Thecurve is scaled by aconstant so that the model behavior best mimics experimental resu!is. Details on the sensitivity analyses can be found in Anderson (1983) .
